Norihiko Nishizawa, "Axial resolution and signal-to-noise ratio in deep-tissue imaging with 1.7-μm high-resolution optical coherence tomography with an ultrabroadband laser source," J. Biomed. Opt. Abstract. We investigated the axial resolution and signal-to-noise ratio (SNR) characteristics in deep-tissue imaging by 1.7-μm optical coherence tomography (OCT) with the axial resolution of 4.3 μm in tissue. Because 1.7-μm OCT requires a light source with a spectral width of more than 300 nm full-width at half maximum to achieve such high resolution, the axial resolution in the tissue might be degraded by spectral distortion and chromatic dispersion mismatching between the sample and reference arms. In addition, degradation of the axial resolution would also lead to reduced SNR. Here, we quantitatively evaluated the degradation of the axial resolution and the resulting decrease in SNR by measuring interference signals through a lipid mixture serving as a turbid tissue phantom with large scattering and absorption coefficients. Although the axial resolution was reduced by a factor of ∼6 after passing through a 2-mm-thick tissue phantom, our result clearly showed that compensation of the dispersion mismatching allowed us to achieve an axial resolution of 4.3 μm in tissue and improve the SNR by ∼5 dB compared with the case where dispersion mismatching was not compensated. This improvement was also confirmed in the observation of a hamster's cheek pouch in a buffer solution.
Introduction
Optical coherence tomography (OCT) provides high-resolution cross-sectional images of biological tissues without the need for pretreatments, such as staining and sectioning.
1,2 Recent developments in light sources with ultrabroad spectral widths have resulted in significant improvements in the axial resolution of OCT, down to submicron levels. [3] [4] [5] [6] [7] Because of its high-resolution and noninvasive imaging capabilities, OCT has been widely used in clinical and biological research fields, including ophthalmology, dermatology, and neuroscience. [7] [8] [9] [10] For deep-tissue imaging with OCT, the 1.3-μm wavelength window has been generally used due to the smaller scattering coefficient compared with the 0.8-to 1.0-μm wavelength regions. 11, 12 Despite relatively higher water absorption, recently, it was reported that the 1.7-μm wavelength window has the potential to enhance the penetration depth in the observation of turbid scattering tissue because of the lower signal attenuation in the tissue, which is determined mainly by multiple light scattering and water absorption. [13] [14] [15] [16] [17] Although the signal loss caused by water absorption increases in the longer-wavelength region, a local minimum of water absorption exists at 1.5 to 1.85 μm. Since the scattering coefficient becomes smaller as the wavelength becomes longer, the total signal attenuation at 1.7 μm in turbid scattering tissue is smaller than that at 1.3 μm. [13] [14] [15] [16] [17] So far, several groups, including us, have successfully demonstrated that 1.7-μm OCT provides enhanced penetration depth in the observation of opaque samples, such as lipid mixture, human skin, and mouse brain. [16] [17] [18] [19] [20] [21] [22] [23] In Ref. 17 , it was demonstrated that 1.7-μm OCT systems provide the penetration depth of more than 2 mm in observations of human fingertips, while the penetration depth of 1.3-μm OCT was restricted to less than 2 mm owing to a larger scattering coefficient at the wavelength. In the imaging of mouse brain tissues with 1.7-μm OCT systems, the penetration depth beyond 1.5 mm was realized. 21, 23 Recently, we developed OCT and optical coherence microscopy (OCM) in the 1.7-μm wavelength window using an ultrabroad supercontinuum (SC) fiber laser source with a wavelength band of 1.4 to 2.0 μm and realized an axial resolution of less than 4 μm in tissue, assuming a refractive index of 1.38. [18] [19] [20] [21] However, because such a broad spectral bandwidth is required to realize high axial resolution in 1.7-μm OCT [in our case, 200 to 300 nm at full-width at half maximum (FWHM)] and there are strong water absorption peaks at 1.45-and 1.9-μm wavelengths, it is considered that the axial resolution would be worse in the observation of deeper tissue structures, where the spectral shape might be distorted by water absorption and light scattering and large chromatic dispersion might be produced by the tissue. If the chromatic dispersion becomes large, the OCT signal sensitivity, i.e., the signal-to-noise ratio (SNR), would also be reduced. So far, there have been some reports about degradation of the axial resolution in the observation of human eye structures with 0.8-to 1.3-μm OCT, which offers the axial resolution of around a few or submicron micrometers. [24] [25] [26] [27] [28] In those reports, it was revealed that the axial resolution is mainly degraded by water absorption and chromatic dispersion in the eyes, and it is possible to cancel out the degradation if the spectral distortion by water absorption is not so severe. [26] [27] [28] However, since eyes are low-scattering samples, we should presumably take into account light scattering when it comes to highly scattering samples, such as skin and brain. In particular, in the 1.7-μm OCT with a high axial resolution, the spectral shape may be affected more than in the case of 0.8-to 1.3-μm OCT due to the requirement for a broader spectral width. Although the previous studies have already demonstrated that the use of the 1.7-μm spectral band allows us to improve the penetration depth, [16] [17] [18] [19] [20] [21] [22] [23] it still remains unclear whether 1.7-μm OCT imaging of deeper parts in turbid scattering tissues with high axial resolution is feasible or not.
In this paper, we experimentally investigated the impact of light scattering, water absorption, and chromatic dispersion on the axial resolution and SNR in deep-tissue imaging with 1.7-μm OCT using the SC fiber laser source with the spectral bandwidth of ∼300 nm (FWHM) in the wavelength region. In this study, we observed mixtures of lipid, distilled water (H 2 O), and heavy water (D 2 O) with different lipid concentrations, which are often used as standard biological phantoms for evaluating the performance of optical imaging techniques, such as OCT and optical microscopy, 16, 17, 29, 30 and we quantitatively evaluated the degradation of the axial resolution and the decrease of SNR caused by the mixtures. The results indicated that, although spectral distortion was caused in the mixture, the FWHM of the spectral shape of the OCT signals was almost unchanged, and it was possible to achieve an axial resolution of ∼4.3 μm in tissue just by compensating for the chromatic dispersion mismatching even after passing through a 2-mmthick layer of a mixture with a 10% lipid concentration. In addition, we also confirmed that the dispersion compensation improved not only the axial resolution but also the SNR. Our study clearly showed that it is feasible to realize 1.7-μm OCT imaging of deep sites in turbid scattering tissues with high axial resolution just by applying chromatic dispersion compensation.
Material and Methods

1.7-μm High-Resolution Optical Coherence
Tomography System Figure 1 shows a schematic diagram of the 1.7-μm time-domain OCT (TD-OCT) system with a custom-built broadband SC source, which was basically the same as that in Ref. 18 . We confirmed that the measurement accuracy of axial resolution with our TD-OCT system was AE0.12 μm through 30 times measurements of a point spread function of our OCT system, which was recorded by observing reflection light from a mirror surface placed at the focusing position in the sample arm. The SC source that we used, which is based on an ultrashort-pulse fiber laser and optical fibers, has a spectral width of ∼300 nm (FWHM) at the center wavelength of 1.7 μm. 18 The SC light beam was divided into sample and reference beams through a Michelson interferometer composed of three fiber couplers. Depth scanning was performed by scanning a corner cube prism mounted on a galvanometer in the reference arm. The beam from the fiber coupler-based interferometer was collimated by an aspheric lens. The diameter of the collimated beam was ∼3 mm. The collimated beam was delivered to a scanning system with a telecentric design consisting of an X-galvanometer scanner and a focusing achromatic lens with a focal length of 30 mm (AC127-030-C-ML, Thorlabs). The backscattered and reflected light from both arms were made to interfere in the interferometer, and the interference signal was detected by a balanced detection system consisting of two extended-InGaAs photodetectors (PDA10D-EC, Thorlabs) and a differential amplifier circuit (5307, NF Corporation). The obtained interference signal was transferred to a personal computer equipped with a digitizer (PCI-5122, National Instruments) and was digitally bandpassfiltered to remove the DC component. The OCT signals were acquired using the squared detection method and were displayed on a logarithmic scale. 7 Before we measured the samples, the dispersion and polarization mismatches between the sample and reference arms were compensated for using optical glass plates (8-mm-thick fused silica) placed in the sample arm and polarization controllers. Based on the measurement result of dispersion mismatching between the sample and reference arms, the thickness of fused silica was chosen to minimize the dispersion mismatching.
Spectral Analysis of Interference Signals
To reveal the effects of water absorption, light scattering, and chromatic dispersion mismatching, we analyzed the optical spectrum and phase of the interference signals using Fourier transform analysis. 31 This spectral analysis method has been widely used to observe the light absorption and group delay of ultrafast pulses in optical materials and thin films. 32, 33 The signal processing used in this work is briefly shown in Fig. 2 . After measuring the interference signal [ Fig. 2(a) ], we applied a fast Fourier transform (FFT) with a Hanning window to the recorded interference signal to obtain the optical spectrum and phase of the interference signal [ Fig. 2(b) ]. To confirm the dispersion mismatch on the interference signal, we first fitted a fifth-order polynomial to the phase curve [ Fig. 2(b) ], and the fitted curve was differentiated [ Fig. 2(c) ]. Then, the secondorder dispersion curve was obtained by differentiating the first-order derivative curve [ Fig. 2(d) ]. If the second-order dispersion becomes zero, we can obtain the highest axial resolution under the spectral width and shape, as shown in Fig. 2 (b). 7 Note that the sign of the slope of the phase curve as a function of the wavelength in Fig. 2(b) is not important here because it changes depending on the position of the interference signal in a region where the FFT calculation is applied.
In this analysis, the spectral narrowing induced by scattering and absorption effects in the samples was evaluated by comparing the optical spectra of interference signals obtained from a mirror at the focus position with and without inserting the lipid mixture between the achromatic lens and mirror. The chromatic dispersion was confirmed from the second-order dispersion curve in Fig. 2(d) . Here, we also calculated the achievable highest axial resolution by numerically compensating for the chromatic dispersion mismatching with a Fourier transform-based method. 26 
Preparation of Biological Tissue Phantom
For our study, we used mixtures of lipid, H 2 O, and D 2 O as biological tissue phantoms with large scattering and absorption coefficients. This kind of sample has been widely used as a tissue phantom for optical measurements. 16, 17, 29, 30 According to a previous study, 16 the scattering coefficients of the mixture of 10 volume∕volume % (v∕v %) lipid, 70 v∕v % H 2 O, and 20 v∕v % D 2 O is ∼3∕mm in the 1.6-μm wavelength, which is similar to those of mouse brain. 34 Since skin and brain tissues have various scattering coefficients, we prepared mixtures with different lipid concentrations. For all mixtures, the amount of D 2 O in the mixtures was adjusted to set the H 2 O concentration to 70 v∕v %, which is similar to skin and brain tissues. 35, 36 For example, when we prepared the mixture with the lipid concentration of 10%, we diluted 10 ml of the lipid solution (20 v∕v %) with 4 ml of Fig. 3) . The small absorption peak at 1.68 μm is presumably due to the absorption of semi-heavy water (HDO), which is formed only by mixing H 2 O and D 2 O. 39 The chromatic dispersion induced by D 2 O can be ignored because it is quite small compared with that induced by H 2 O. 40 Although lipid has an absorption peak at 1.7 μm, 22,41 the absorbance of lipid is much smaller than that of H 2 O, and the lipid concentration in the mixtures of lipid, H 2 O, and D 2 O is only 2 to 10 volume %. Therefore, we did not consider the absorption peak of lipid in our analysis.
To perform the measurement of OCT signals through the mixtures and evaluate the effects on the axial resolution and SNR, we filled quartz cuvettes with the mixtures and placed them above a sample mirror located at the focus position in the sample arm, as shown in Fig. 1 . Since the penetration depth in 1.7-μm OCT imaging is typically 1 to 2 mm, we used quartz cuvettes with 1-and 2-mm path lengths.
Results
Optical Coherence Tomography Signals
Obtained without and with the Mixtures of Lipid, Distilled Water, and Heavy Water Figure 4 (a) shows the OCT signal measured without any mixture placed in the sample arm. The axial resolution in tissue and the SNR were 3.6 μm and 93 dB, respectively. To avoid saturation of the detectors, we inserted a neutral density (ND) filter in the sample arm. The optical spectrum, the derivative of the phase of the interference signal, and the second-order dispersion are shown in Figs. 4(b)-4(d), respectively. From this result, although the shoulders near the main peak in Fig. 4 (a) exist due to the spectral shape, we confirmed that the inherent dispersion mismatch in the interferometer was almost completely compensated for at all wavelengths in the optical spectrum of our 1.7-μm SC. . For the 1-and 2-mm-thick mixtures, the axial resolution in the tissue increased to ∼12.0 and ∼21.9 μm, respectively. Compared with the axial resolution of 3.6 μm in the case of OCT imaging without any mixture, the resolution was increased by factors of 3.3 and 6.1 for the 1-and 2-mm-thick mixtures, respectively. Note that it is more likely that the axial resolution depended only on the thickness of the mixtures and not on the lipid concentration. It was also confirmed that multiple scattering in samples is not a main factor of degradation of the axial resolution by observing interference signals from the top and bottom sides of a glass cuvette filled with the 500-μm mixtures (lipid concentration: 0 v∕v % and 10 v∕v %). As shown in Fig. 6 , the interference signals from the bottom surface of the cuvette were broadened by the mixtures. However, comparing the widths (at 6 dB down) of the interference signals in the case of 10 v∕v % lipid with that in 0 v∕v % lipid, there was only a small difference. Unlike in our case, previous reports using OCT in a shorter-wavelength region, such as 0.8 μm, indicated that multiple scattering in samples is also one of the main factors to degrade the axial resolution. 42 This difference is presumably attributed to the scattering coefficient (∼3∕mm) in the 1.7-μm region being smaller than those of the shorter wavelengths previously used for OCT measurements (e.g., 20∕mm in 0.8-μm region). 42 On the other hand, the SNR monotonically decreased with increasing lipid concentration because of the associated increase in scattering coefficient.
Spectral Distortion and Chromatic Dispersion Effects Induced by the Mixtures
To reveal how much the water absorption and light scattering effects distort the optical spectra of the interference signals, we observed the optical spectra of the interference signals obtained with the mixtures [Figs. 7(a) and 7(b)]. The optical spectra were obtained by taking the FFT of the interference signals. With the mixtures, the spectral intensity at 1.45-and 1.9-μm wavelengths was significantly decreased due to the strong water absorption peaks at those wavelengths. The large spectral attenuation at 1.45 μm slightly shifted the peak position of the spectra to the longer-wavelength region. We also noticed that the attenuation of the spectral intensity in the shorter-wavelength region increased with increasing lipid concentration. This is due to the larger scattering coefficient at shorter wavelengths compared with that at longer wavelengths. 16, 17, 19 Thus, the redshift of the spectra was more obvious for the higher lipid concentrations. The center wavelength and FWHM of the spectra are summarized in Table 1 . We found that the spectral widths (FWHM) of the spectra were slightly broadened after passing through the mixtures despite the spectral distortion caused by water absorption and light scattering. Although the achievable axial resolutions calculated from the spectra were slightly decreased compared with those measured without mixtures, presumably due to the spectral redshift and slight change of the spectral shape, this result indicated that 1.7-μm OCT imaging with an axial resolution of ∼4.3 μm in tissue is feasible in deep sites inside turbid scattering tissue, even with 70 volume % of H 2 O. Figure 8 shows the second-order derivative of the phase for the interference signals measured through the mixtures. Compared with the case where a mixture was absent, the second-order derivative strongly depended on the wavelength. This means the dispersion mismatching between the sample and reference arms became notably large due to the chromatic dispersion induced by the mixtures. Because of the large dispersion mismatch, the OCT signals were significantly blurred, as shown in Figs. 5(a) and 5(b). However, the amount of induced dispersion mismatching was almost independent of the lipid concentration. This result indicates that the dispersion mismatching was induced mainly by chromatic dispersion of water, and it is possible to perform deep-tissue imaging with high axial resolution by compensating for the dispersion mismatching in 1.7-μm OCT. 
Dispersion Compensation for High-Axial-Resolution Imaging
To perform 1.7-μm OCT imaging deep inside samples with high axial resolution, we compensated for the dispersion mismatch using optical glasses (BK7 and fused silica) that have anomalous group velocity dispersion (GVD) in the 1.7-μm wavelength band, as well as water (H 2 O). 40 To estimate the glass thickness of BK7 and fused silica required to reduce the dispersion mismatching caused by H 2 O as much as possible, we first measured the GVD of H 2 O in the wavelength Fig. 9 Second derivative of the phase curve of the interference signals before and after applying dispersion compensation for (a) 1-and (b) 2-mm-thick mixtures. The solid and dashed lines correspond to cases after and before applying dispersion compensation, respectively. The dotted line (orange color) indicates the case without any mixtures. Square, circle, triangle, and star correspond 0, 2, 5, and 10 v/v % lipid concentration, respectively. Note that the number of the actual plotted points are much larger than that of the symbols, and the symbols are displayed only for the purpose to distinguish each line. band. Based on the result of this measurement, we chose 5-mm-thick BK7 and 2-mm-thick fused silica glass plates to compensate for the dispersion induced by the 1-mm-thick mixture. By placing the glass plates in the reference arm, the second-order derivative of the phase curve became close to zero for all wavelengths [ Fig. 9(a) ], which means that the dispersion mismatch was almost completely compensated for. For the 2-mm-thick mixture, we compensated for the dispersion mismatch using a 15-mm-thick BK7 glass plate [ Fig. 9(b) ]. Because BK7 and fused silica glasses have high and flat transmittance characteristics around the 1.7-μm wavelength region, the signal loss and spectral distortion in the reference beam were negligibly small. In the OCT signals obtained through the 2-mmthick mixtures, the shapes of the OCT signals became slightly asymmetrical. This is presumably due to the third-order dispersion effect, which was not compensated for by the optical glass plates. 7 The axial resolution and SNR attenuation for the 1-and 2-mm-thick mixtures are summarized in Figs. 10(c) and 10(d), respectively. For both cases, the axial resolution was ∼4.3 μm, which is close to the achievable axial resolution determined from the spectral bandwidth (FWHM), spectral shape, and center wavelength (Table 1) . Compared with the OCT signal in Fig. 4(a) , the OCT signals in Fig. 10(a) have smaller shoulders around the main peak due to the spectral shape being changed. In addition, the SNR was also improved by ∼5 dB for all cases by applying the dispersion compensation.
Optical Coherence Tomography Imaging of a Biological Sample with Dispersion Compensation
To demonstrate 1.7-μm high-resolution OCT imaging of biological tissue with the dispersion compensation, we observed a hamster's cheek pouch immersed in phosphate-buffered saline (PBS) because this sample has simple layer structures that are thin enough to easily evaluate the change of the axial resolution in OCT imaging (Fig. 11) . The sample was formalin-fixed, meaning that it was dehydrated. Therefore, to mimic a practical situation, we observed the structure through a PBS layer with a thickness of ∼1 mm. Figures 11(a) and 11(b) show the obtained OCT images of the sample with and without dispersion compensation, respectively. Each OCT image was formed by averaging 10 OCT images obtained from the same area to improve the SNR. In the OCT image obtained with the dispersion compensation [ Fig. 11(a) ], thin layered structures in the connective tissue band (Conn) were clearly distinguished. Furthermore, because the SNR was also improved by the dispersion compensation, the muscle layer (Musc) located in the deep part was clearly visualized in Fig. 11(a) . On the other hand, they were severely blurred without the dispersion compensation [ Fig. 11(b) ]. Intensity line profiles of a thin layered structure located in the connective tissue band are shown in Fig. 11 (e) for the cases with and without dispersion compensation. From these intensity line profiles, we confirmed that the width (−6 dB from the peak) of the thin layer in the cheek pouch was reduced by a factor of ∼1.6 by applying the dispersion compensation. This result is clear evidence that the dispersion compensation allowed us to perform 1.7-μm OCT imaging deep inside tissue with high axial resolution. 
Discussion and Conclusion
In this work, we examined the impact of light scattering, water absorption, and chromatic dispersion induced by turbid scattering tissue on the axial resolution and SNR in 1.7-μm highresolution OCT imaging. Our results showed that, in 1.7-μm high-resolution OCT imaging of biological tissue, the axial resolution was decreased mainly due to the dispersion mismatch induced by water in the samples and it was possible to achieve an axial resolution of ∼4.3 μm in tissue even in the turbid tissues just by applying dispersion compensation. We also confirmed that the dispersion compensation helped to achieve not only high axial resolution but also improved SNR in deep-tissue OCT imaging. Our results clearly indicated that the chromatic dispersion induced by water was the main factor to degrade the axial resolution in 1.7-μm high-resolution OCT imaging of the tissue phantom, and the effects of multiple scattering are small enough, as shown in Figs. 5 and 6. As already mentioned previously in this report, the scattering coefficients of this tissue phantom are similar to those of tissues, such as skin and brain. Therefore, our results using the mixture of lipid, H 2 O, and D 2 O are presumed enough to imitate the case when we observe such tissue specimens (∼70 v∕v %) with 1.7-μm high-resolution OCT. However, the results would become different for different samples with much higher scattering coefficients even in the 1.7-μm wavelength region or much lower water contents.
For the demonstration of tissue imaging, we used a formalinfixed hamster's cheek pouch to avoid the structural change during observations. It is known that the formalin-fixation process causes tissue dehydration. 43 It is also reported that the scattering coefficient of samples is also increased by the formalinfixation process due to protein cross linkage, sample dehydration, and shrinkage. In addition, the absorption coefficients would also increase if intrinsic chromophores in samples are not damaged during the fixation process. Therefore, it is difficult to mimic actual situations in observations of nonfixed samples using only the fixed sample. In our study, to mimic situations as close to actual as possible, the fixed sample was immersed in PBS buffer so that interference signals from the fixed sample were measured through 1-mm-thick layer of PBS solution. Because the main factor to degrade the axial resolution of 1.7-μm OCT in observations of samples with ∼70 v∕v % H 2 O is chromatic dispersion by water, not multiple scattering as shown in Figs. 5 and 6 , it is considered that our experiment demonstrated the similar burring of the axial resolution as in the case when we observed 1-mm-depth position of nonfixed samples, especially near the upper surface of the fixed sample.
In this study, to compensate for the dispersion mismatching, we used optical glasses placed in the reference arm. As shown in Figs. 10 and 11, this approach works moderately well. However, as already reported in Refs. 44 and 45, it is difficult to compensate for dispersion mismatching only using optical glasses when second-order dispersion changes complicatedly as a function of wavelength and the effects of higher order dispersion are obvious. This issue can be overcome using numerical compensation methods. [44] [45] [46] [47] [48] To demonstrate that numerical compensation methods are also useful for 1.7-μm high-resolution OCT, we recorded interference signals from the same sample as that in Fig. 11 (hamster's cheek pouch) . In this experiment, we again immersed the sample in a PBS buffer solution so that we observed the sample through a 1-mm-thick layer of PBS solution as in the case of Fig. 11 . Figures 12(a) -12(c) are OCT images without dispersion compensation, with dispersion compensation by glass plates (5-mm-thick BK7 and 2-mm-thick fused silica), and with numerical dispersion compensation, respectively. The intensity line profile of the structure indicated with the yellow arrows is shown in Fig. 12(d) . Comparing the three intensity line profiles, we confirmed that the numerical approach worked to achieve high axial resolution, which was slightly better than that obtained by glass-based dispersion compensation. This time, we took into account second-and third-order dispersion in this numerical approach. The axial resolution might be improved more by taking into account higher order dispersions and then optimizing parameters for this numerical calculation. We also noted that the axial resolution of the 1.7-μm OCT in deep-tissue imaging would be limited to ∼4 μm in tissue specimens with ∼70 v∕v % H 2 O, where the refractive index is assumed to be 1.38. Although an axial resolution of ∼1 μm can be achieved with a 900-nm spectral band (FWHM) light source for the case where the scattering and water absorption are negligible, the spectral width would be narrowed to ∼230 nm, which corresponds almost to the spectral width of the local minimum of the water absorption located around the 1.7-μm wavelength window due to the strong water absorption peaks at 1.45 and 1.9 μm and a large scattering coefficient in the shorter-wavelength region.
As with typical OCT systems, the low-numerical aperture (NA) lens was used as an objective lens to obtain a long imaging depth range of around 2 mm. Therefore, the lateral resolution of our 1.7-μm OCT system was ∼23 μm, which was not as high as the axial resolution. Considering the beam diameter (3 mm) and the focal length of the focusing achromatic lens (30 mm), this lateral resolution was close to the diffraction limit of the lateral resolution of ∼21 μm. Although we used the light source with ∼500 nm spectral bandwidth, this fact indicated that the laser beam was well focused and the size of the laser focus was close to the diffraction limit. Although the imaging depth range is reduced, it would be possible to improve both the lateral and axial resolution using OCM with a high-NA objective lens. 12, 20 For example, if we used an objective lens with an NA of 1.0, a lateral resolution of ∼0.85 μm and an axial resolution of ∼2.3 μm would be achieved using only a confocal gate. In OCM, the axial resolution is determined by the combination of coherent and confocal gates. Therefore, even if spectral narrowing occurs or we use a light source with a narrower spectral bandwidth, we could achieve improved axial resolution in 1.7-μm OCM with a high-NA objective lens.
In this study, we used the OCT system with time-domain interferometry, and the sensitivity of the OCT system was ∼93 dB when the incident laser power was 3 mW, which is below the American National Standards Institute damage threshold for skin tissue (9.6 mW for the 1.5-to 1.8-μm wavelength region). This detection sensitivity could be improved if we employ a Fourier-domain (FD) scheme, including a spectraldomain (SD) and swept-source domain scheme, for 1.7-μm OCT. 49 Because the acquisition speed of OCT images in FD-OCT is typically tens times faster than TD-OCT, the higher SNR can be achieved in FD-OCT by averaging OCT images and reducing the noise fluctuation still with higher acquisition speed. In our group, we have recently developed 1.7-μm fullrange SD-OCT with the same ultrabroadband light source as what we used in this study and realized the penetration depth of ∼1.7 mm in observations of a formalin-fixed mouse brain. If we apply both the glass-based and numerical dispersion compensations shown in this study to the 1.7-μm full-range SD-OCT, it would become possible to improve the axial resolution, the SNR, and the penetration depth.
In this paper, we reported that 1.7-μm high-resolution OCT imaging is feasible even in deep sites inside biological tissue just by compensating for the dispersion mismatching between the sample and reference arms. Although the spectral shape of the interference signals was distorted, we confirmed that, with dispersion compensation, the axial resolution was improved to ∼4.3 μm in tissue and the SNR was improved.
